ABSTRACT Interactions of acoustic cavitation bubbles with biological tissues play an important role in biomedical applications of ultrasound. Acoustic cavitation plays a particularly important role in enhancing transdermal transport of macromolecules, thereby offering a noninvasive mode of drug delivery (sonophoresis). Ultrasound-enhanced transdermal transport is mediated by inertial cavitation, where collapses of cavitation bubbles microscopically disrupt the lipid bilayers of the stratum corneum. In this study, we describe a theoretical analysis of the interactions of cavitation bubbles with the stratum corneum lipid bilayers. Three modes of bubble-stratum corneum interactions including shock wave emission, microjet penetration into the stratum corneum, and impact of microjet on the stratum corneum are considered. By relating the mechanical effects of these events on the stratum corneum structure, the relationship between the number of cavitation events and collapse pressures with experimentally measured increase in skin permeability was established. Theoretical predictions were compared to experimentally measured parameters of cavitation events.
INTRODUCTION
The stratum corneum (SC), the outermost layer of the skin, offers the limiting step in transdermal drug permeation (Bouwastra et al., 1991) . The stratum corneum is ;15 mm thick and is a composite of cornified cells (corneocytes) and lipid bilayers. Application of low-frequency ultrasound enhances SC permeability to a variety of drugs (lowfrequency sonophoresis) (Mitragotri et al., 1995a) . Since the ordered structure of the SC lipid bilayers is primarily responsible for low skin permeability, the ability of lowfrequency ultrasound to increase SC permeability is contingent on disruption of the SC lipid bilayers.
Several studies have conclusively shown that ultrasoundinduced SC permeabilization is mediated by acoustic cavitation (Mitragotri et al., 1995b; Tang et al., 2002b; Tezel et al., 2002a Tezel et al., , 2001 . Interactions of acoustic bubbles with cells and tissues are also important in a variety of other biomedical applications of ultrasound including lithotripsy (Coleman and Saunders, 1993) , thrombolysis (Alexandrov, 2002) , lipoplasty (Goes and Landecker, 2002) , wound healing (Speed, 2001) , fracture healing (Hadjiargyrou et al., 1998) , and sonoporation (Guzman et al., 2001; Miller and Quddus, 2000; Sundaram et al., 2003; Wu et al., 2002) , However, the interactions of cavitation bubbles with biological tissues are not well understood.
Acoustic cavitation can be broadly classified into two categories: stable cavitation, which corresponds to steady oscillations of bubbles, and inertial cavitation, which corresponds to rapid growth followed by a rapid collapse. Two recent studies based on acoustic spectroscopy have shown that inertial (transient) cavitation is primarily responsible for skin permeabilization (Tang et al., 2002b; Tezel et al., 2002a) . During low-frequency sonophoresis, inertial cavitation is predominantly induced in the coupling medium (the liquid present between the ultrasound transducer and the skin (Tezel et al., 2002a) ). The maximum radius of the cavitation bubbles is related to the frequency and acoustic pressure amplitude (Colussi et al., 1998; Mason and Lorimer, 1989) . Under the conditions used for low-frequency sonophoresis (f ; 20-100 kHz and pressure amplitudes ;1-2.4 bar), the maximum bubble radius is estimated to be between 10 and 100 mm. Owing to the large bubble size, cavitation is unlikely to occur within the 15 mm thick SC during low-frequency sonophoresis. Accordingly, cavitation in the coupling medium is of primary concern during low-frequency sonophoresis.
Two important events that occur during inertial cavitation are of particular interest to low-frequency sonophoresis. First, a spherical collapse of bubbles yields high pressure cores that emit shock waves with amplitudes exceeding 10 kbar (Pecha and Gompf, 2000) . Second, an aspherical collapse of bubbles near boundaries such as the SC yields microjets with diameters of about one-tenth of the bubble diameter and velocities ;100 m/s (Popinet and Zaleski, 2002) . Based on these two important attributes of collapsing cavities, three possible mechanisms of cavitation-mediated SC permeabilization are analyzed in this study: i), disruption of the SC due to shock waves, ii), disruption of the SC due to impact of microjets on its surface, and iii), penetration of microjets into the SC.
The goal of this study is to analyze the relationship between the number of cavitation collapses in the coupling medium and the enhancement of the SC permeability.
THEORETICAL ANALYSIS
Fig. 1 schematically shows three mechanisms by which inertial cavitation events might enhance the SC permeability. Fig. 1 A shows bubbles that collapse symmetrically and emit a shock wave, which can disrupt the SC lipid bilayers (Lee et al., 1998) . Fig. 1 B shows acoustic microjets that might impact the SC without penetration. Impact of microjets may also be responsible for SC lipid bilayer disruption. Fig. 1 C shows microjets resulting from collapsing bubbles near the SC surface that might physically penetrate into the SC and disrupt the structure.
Symmetric bubble collapses in the coupling medium
Cavitation in the bulk of the coupling medium is clearly visible during low-frequency sonophoresis and is predominant near the face of the transducer. However, the bubbles migrate away from the transducer under the influence of the ultrasonic radiation force and may collapse close to the skin. Cavitation may also originate (nucleate) on the SC surface. The SC possesses a very heterogeneous topography and offers plenty of crevices for nucleation of cavitation bubbles. Cavitation bubbles nucleating and collapsing on the SC surface are likely to make a significant contribution to permeabilization of the SC due to their proximity.
During its growth, a bubble expands to a maximum radius before collapsing adiabatically. At the end of a symmetric collapse, the bubble reaches a minimum radius where it emits a shock wave. Propagation of the shock waves (or pressure waves) through the SC can potentially disrupt its structure (Lee et al., 1998) . The disruption of materials exposed to pressure waves may occur through relative particle displacement, compressive failure, tensile loading, or shear strains (Lokhandwalla and Sturtevant, 2000) . Though all these mechanisms may potentially be responsible for material damage, linear particle displacement provides the simplest explanation for it.
During the propagation of a pressure pulse through stratum corneum, deformation, Dy, of an element possessing an original dimension of Dx is given by the following equation:
where Du is the difference in the instantaneous particle velocity across the element and Dt is the time of passage of the pulse through the element. The velocity difference, Du, is related to the instantaneous pressure difference between the two ends of the element and is given by the following equation:
where r and c are the density of the element and the speed of sound within the element, respectively. Note that Eq. 2 assumes that waves propagate linearly in water and tissues. Propagation of shock waves generated by cavitation bubbles has been studied by several groups using hydrophone measurements Barber et al., 1997; Wang et al., 1999) and optical methods (Holzfuss et al., 1998) . It has been shown that the propagation of cavitation-induced shock waves is nonlinear at the beginning of the emission (that is, near the bubble center) (Pecha and Gompf, 2000) . However, propagation of waves away from the bubble ([10 mm) can be described by linear acoustics (Pecha and Gompf, 2000) . Since the SC itself is ;15 mm thick, we assume that linear propagation is a reasonable assumption for most bubbles. Substituting Eq. 2 into Eq. 1 and dividing both sides by Dx, Eq. 1 can be rewritten as follows:
The left-hand side of Eq. 3 is the strain induced in the element, e. Equation 3 can also be written in terms of the relationship between the strain rate, _ e e ( _ e e ¼ e=Dt) and spatial pressure gradient (DP=Dx) as follows:
The time of propagation of the wave through the element, Dt, can be related to Dx by Dt ¼ Dx=c. If Dx is chosen to match with the spatial pulse width of the wave, the gradient DP is comparable to P, the peak amplitude of the wave. For a typical shock wave emitted by a collapsing cavitation bubble, the spatial width is on the order of 1-10 nm (O(nm)) (Pecha and Gompf, 2000) . This length scale is comparable to the thickness of SC lipid bilayers (Glombitza and MullerGoymann, 2002) . Accordingly, the substitution proposed above is justifiable. With the abovementioned approximation, Eq. 4 can be rewritten as follows: Equation 5 provides a direct relationship between the strain, e, and the shock wave amplitude, P. Equation 5 predicts a strain of 0.04 for a typical wave amplitude of 1 kbar in a material with density and sound velocity comparable to that of water (r ¼ 1000 kg/m 3 and c ¼ 1500 m/s). If the magnitude of the strain exceeds the critical strain, e c , disruption of the SC may be observed. The significance of e c must be evaluated separately for corneocytes and lipid bilayers, as the critical strains are quite different for the two.
Corneocytes consist of highly cross-linked keratin fibers and are covalently connected by desmosomes (Schneider et al., 1994) . Owing to the covalent linkages between keratin fibers and desmosomes, corneocytes possess high elastic moduli and exhibit high tolerance against externally imposed stresses ( Leveque et al., 2002 Leveque et al., , 1988 . Thus, corneocytes are unlikely to be irreversibly deformed by the strains induced by the shock/pressure waves. Histological analysis of porcine and human stratum corneum exposed to low-frequency ultrasound also confirms that no gross disruption of the corneocyte structure is observed (Mitragotri et al., 1996; Tang et al., 2002a ) (see also data discussed later).
Lipid bilayers on the other hand possess a low structural tolerance against the mechanical strain induced by external stresses (Baumann and Gerebe, 1998) . Owing to the noncovalent interactions that determine their structure, lipid bilayers are highly susceptible to mechanical damage. Upon exposure to volumetric or area strains, lipid bilayers exhibit lateral extension and thickness reduction, eventually leading to their disruption. Evans et al. (1976) have shown that critical area strains for disruption of erythrocyte membranes are ;0.02. Comparable numbers have been reported for other lipid bilayer systems (Koslov and Markin, 1984; Zhelev, 1998) . Critical strain may in principle depend on the rate of deformation; however, in the absence of this knowledge, a representative value of 0.02 is used in the analysis presented here. This number is also justified based on the experiments of Lee et al. (2000 Lee et al. ( , 2001 who reported permeabilization of the human SC using a single pressure wave in the presence of sodium lauryl sulfate (SLS). Specifically, they reported that a wave of amplitude in the range of 150-700 bar and temporal widths in the range of 110 ns-10 ms induced permeabilization of the SC. By converting the temporal gradient into a spatial gradient and using Eq. 5, one obtains e c in the range of 0.007-0.026, numbers that are comparable to the critical area strains reported by Evans et al. (1976) . Note that the sonophoresis data analyzed in this study were also obtained in the presence of SLS (1% w/v).
Disruption of the SC lipid bilayers enhances skin permeability by at least two mechanisms. First, a moderate level of disruption decreases the structural order of lipid bilayers and increases the solute diffusion coefficient (Mitragotri, 2001) . At a higher level of disruption, lipid bilayers may loose structural integrity and facilitate penetration of the coupling medium into the SC. Since most sonophoresis experiments considered in this study were performed using coupling media comprising aqueous solutions of surfactants, disruption of the SC lipid bilayers enhances incorporation of surfactants into their structure. Incorporation of excessive water and surfactants further promotes bilayer disruption, thereby opening pathways for solute permeation (Black, 1993; Walters, 1990) . In this study, the role of surfactants in the SC permeabilization is assumed to be secondary. In other words, cavitation-induced bilayer disruption plays the key role in sonophoresis by initiating penetration of surfactants into the SC. This assumption is supported by experimental observations that surfactants that are more effective in enhancing the SC permeability by themselves are also more potent in enhancing the SC permeability in combination with ultrasound (Tezel et al., 2002b) . This observation suggests that the primary role of ultrasound is to increase penetration of the surfactants into the SC. Since the surfactants themselves are capable of disrupting lipid bilayers, the critical strain for cavitationinduced bilayer disruption may in principle depend on the choice of surfactant. However, based on the assumption that penetration of surfactant into the SC follows cavitationinduced bilayer disruption, it appears reasonable to assume that the critical strain is independent of the surfactant.
Equation 5 can then be used to determine the amplitude of the wave necessary to disrupt the lipid bilayers. While applying Eq. 5 to cavitation-induced shock waves, one modification is necessary to account for the fact that the amplitude of spherical shock waves decreases due to radial propagation by P P o r min =r; where P o is the shock wave amplitude at the origin (that is when the bubble radius is equal to r min ) and r is the distance from the center of the bubble. The final expression to describe the strain induced by the shock waves is given by Eq. 6:
If a spherically symmetric collapse were to occur at a distance, x, from the stratum corneum surface, the area of the stratum corneum, a p , permeabilized by the wave is given by the following (Fig. 2) :
where r c is the distance from the bubble center where e drops below the critical value necessary for bilayer disruption, e c , and is given (from Eq. 6):
If N total collapses occur in a coupling medium of volume V during ultrasound application, the number of collapses occurring in a section of thickness dx located at a distance x from the SC is given by the following:
where A s is the surface area of the skin. Equation 9 is written by assuming that the collapses are uniformly distributed throughout the coupling medium. Further assuming that the SC area permeabilized by multiple collapses is mutually exclusive, the area of the SC, dA p , permeabilized by dN x collapses is given by the following:
The assumption that the SC area permeabilized by two collapses is mutually exclusive is made based on the calculation that the area permeabilized by a single collapse (given by Eq. 7) is O(10 ÿ5 cm 2 ). Since a typical SC area used in sonophoresis is O(cm 2 ), the fractional area permeabilized by a single collapse is very low. Accordingly, if the collapses are random, the likelihood that two collapses occur on the same SC area is low. Though proceeding with this assumption, it has to be noted that certain nonrandomness exists in the cavitation collapse density due to inhomogeneities in the SC surface that might localize cavitation to certain skin areas. However, as a first order approximation, we assume that the collapse events in the coupling medium are random. Accordingly, the fractional area of the SC permeabilized by dN x collapses, da, is given by the following:
The total fraction of the SC permeabilized by N collapses can be obtained by integrating Eq. 11.
The use of a lower limit of r min allows for the collapses to occur on the SC surface, i.e., at x ¼ r min . This is particularly relevant for bubbles nucleating on the SC surface that are likely to collapse close to the surface. Note that since r c r min (r c ; 50 mm and r min ; 1 mm), the last two terms of Eq. 12 could be neglected. By substituting Eq. 8 into Eq. 12, and differentiating with respect to time, the rate at which the SC is permeabilized is given as follows:
where h is the rate of bubble collapse per unit volume of liquid, h ¼ N/(V 3 t). Equation 13 can be easily modified to account for the heterogeneity of collapse pressures. Assuming that the probability of the occurrence of bubble collapse pressure between P o and P o 1 dP o is given by g(P o ) such that R ' 0 gðP o ÞdP o ¼ 1; Eq. 13 can be modified as follows:
The functionality of g is difficult to predict from the first principles. However, as shown later, gðP o Þ ¼ d expðÿbP 2 o Þ appears to describe experimental data reasonably well. Note that d is the normalization factor, i.e.,
and b is a constant. The abovementioned functionality of g is also understandable since the energy of the collapse wave scales with P 2 o : Hence, the exponential dependence assumed in the above equation describes the probability distribution of the collapse events based on their energies. Equation 14 can be integrated to arrive at the following equation:
Equation 15 offers a relationship between the rate of SC permeabilization and important parameters of cavitation bubble collapse. Of the total six parameters in Eq. 15, values of two parameters including r and c are assumed to be the same as that for water (1000 kg/m 3 and 1500 m/s, respectively) (Pan et al., 1998; Anderson and Cassidy, 1973) . e c , the critical strain necessary to disrupt the SC lipid bilayers, was assumed to be 0.02 for the reasons discussed earlier. h, the number of collapse events per unit volume per unit time, depends on the ultrasound intensity and was determined by experimental measurements (described in Experimental Methods). Determination of r min from the first principles has only been reported through numerical simulations of bubble collapse. Under typical conditions used for sonophoresis (20 kHz, 1 W/cm 2 ) the value of r min has been reported to be ;1 mm (Brenner et al., 2002; Hilgenfeldt and Lohse, 1999) . The only remaining parameter, b, was determined by fitting Eq. 15 to experimentally measured values of da=dt:
Penetration of acoustic microjets into the stratum corneum Collapse of cavitation bubbles near solid boundaries induces asphericity and may lead to the formation of microjets (Katz, 1999; Popinet and Zaleski, 2002) . The diameter of the FIGURE 2 A schematic representation of a spherical shock wave propagating through the SC surface. The bubble collapses symmetrically with the center located at a distance x from the SC surface. The shock wave propagates spherically through the SC and permeabilizes the circular area whose diameter is given by the dotted chord in the figure. microjet is typically about one-tenth of the bubble diameter (Kodama and Tomita, 2000) and the velocity of the jet tip is O(100 m/s) (Popinet and Zaleski, 2002) . Kodama and Takayama (1998) reported that collapse-induced microjets penetrated into the rat liver and produced clearly identifiable pits. However, the bubbles and jets used in their study are significantly larger than those encountered during sonophoresis. Accordingly, direct application of their findings to sonophoresis is difficult.
Physical penetration of microjets into the SC, if it did occur, might disrupt the SC in a manner similar to the material damage induced by the liquid jet impact (Jackson and Field, 2000) . However, histological studies of porcine skin exposed to low-frequency ultrasound showed no evidence of microjet penetration into the SC. In these studies (Tezel et al., 2001) , porcine skin was exposed in vitro to ultrasound (20 kHz, 2.4 W/cm 2 , 10 min) in the presence of 1% sodium lauryl sulfate. Application of ultrasound under these conditions enhanced skin conductivity by ;100-fold and permeability to mannitol by ;50-fold. At the end of ultrasound exposure, skin was fixed in 10% formalin, and histology was performed using the procedures reported in the Experimental Methods section. Fig. 3 shows typical histological images of skin permeabilized by ultrasound. Fig. 3 A shows a cross section of porcine skin not exposed to ultrasound. The SC and the viable epidermis are clearly visible. Fig. 3 B shows a cross section of porcine skin exposed to ultrasound (20 kHz, 2.4 W/cm 2 , 10 min). No disruption of the stratum corneum is evident. If the microjets had penetrated into the SC, the resulting disruption should have been visible in histological studies. However, the SC of porcine skin was intact and showed no evidence of damage.
The lack of penetration of 10 mm jets may be attributed to the small jet diameter, transient existence of the jet, or the use of porcine skin, which is more difficult to penetrate into compared to human skin (Schramm and Mitragotri, 2002) . It should be noted that commercial jet injectors used for insulin delivery, possessing diameters of ;150 mm and velocities in the range of 150-200 m/s, readily penetrate into human skin (Schneider et al., 1994) .
Impact of acoustic microjets on the stratum corneum surface
Microjets can enhance skin permeability even without physical penetration into the SC. The mechanics of jet impact on surfaces has been extensively studied experimentally as well as theoretically (Bourne et al., 1997; Field, 1999; Haller et al., 2002; Jackson and Field, 2000) . Impact of a jet on a surface induces a high pressure (also known as water hammer pressure), the magnitude of which is given by the following equation (Kodama and Takayama, 1998) :
where v j is the jet velocity. The water hammer pressure lasts for a short period of time O(ns). According to Bernoulli's equation, this high impact pressure is followed by a more sustained stagnation pressure given by the following:
The duration of the stagnation pressure is comparable to the duration of the microjet (O(ms)). For a jet impacting at a velocity of ;100 m/s, the water hammer pressure is ;1.5 kbar whereas the stagnation pressure is ;50 bar. Due to its low value, the stagnation pressure is unlikely to induce significant structural alterations. However, the impact pressure of 1.5 kbar is quite capable of disrupting the lipid bilayers of the SC (Eq. 6). Impact of jets on materials sets up stress waves in the bulk of the target whose magnitudes decrease at least as rapidly as 1/r from the point of jet impact (Jackson and Field, 2000) . The jet impact also sets up surface waves (Rayleigh waves) that attenuate more gradually. The effect of bulk stress waves on the structure of the SC can be described using the same principles as those responsible for the enhancement by waves emitted during spherical collapses. The effect of surface waves on the material is not analyzed in this study, although we speculate that their contribution is insignificant since no evidence of surface damage can be found in histological studies (Fig. 3) . In the following section, we present an analysis of jet-induced SC permeabilization, FIGURE 3 Histological studies of porcine skin exposed to low-frequency ultrasound (20 kHz). (A) Porcine skin not exposed to ultrasound. (B) Porcine skin exposed to low-frequency ultrasound. The scale bar corresponds to 10 mm in both figures. No significant difference can be seen between the two figures. If the 10 mm microjets had penetrated into the SC, a significant disruption of the SC should have been observed. assuming that an impact-induced stress wave is primarily responsible for the SC permeabilization.
The radius, r cj , of the hemisphere over which the strain induced by the stress wave exceeds the critical strain is given by the same analysis as discussed while deriving Eq. 6. The resulting equation is given by the following:
where r jet is the jet radius. Hence, the area, a, of the stratum corneum permeabilized by a single jet impact is given by the following equation:
Assuming that the jets impact the SC randomly and there is no overlap between the areas impacted by two jets, the area fraction, a, of the SC permeabilized by jet impacts is given as follows:
where h jet is the number of jet impacts per unit skin area per unit time. The rate at which the fraction of the SC area is permeabilized is given by the following:
The jet velocities have been reported in the range of 50-150 m/s (Brujan et al., 2002; Popinet and Zaleski, 2002) . The velocities are likely to depend on various parameters including the maximum bubble radius, ultrasound frequency, and acoustic pressure amplitude (Popinet and Zaleski, 2002) . We used two representative jet velocities, 50 m/s and 150 m/ s, for calculations. Since utilization of representative values ignores the dependence of jet velocity on ultrasound parameters, the results obtained from this analysis should be considered as order-of-magnitude estimates. The jet radius, r jet , is about one-tenth of the maximum bubble radius (Kodama and Tomita, 2000) . Maximum bubble radius is related to ultrasound frequency and acoustic pressure amplitude. In the absence of surfactants, the calculated maximum bubble radii under the conditions used for lowfrequency sonophoresis (20-100 kHz, 1-3 W/cm 2 ) are in the range of 10-100 mm (Colussi et al., 1998) . Assuming a representative value for maximum bubble radius of ;50 mm (Sundaram et al., 2003) , a representative value for jet radius was chosen as 5 mm.
EXPERIMENTAL METHODS

Ultrasound application and skin conductivity measurements
In vitro experiments were carried out with full-thickness Yorkshire pigskin. Before each experiment, the skin was thawed at room temperature and was mounted on to a Franz diffusion cell (PermeGear, Hellertown, PA). Only skin having an initial resistivity of 30 kV-cm 2 or more was used to ensure that the skin was intact. A Franz diffusion cell consists of a donor and a receiver compartment. A 4 mm Ag/AgCl disk electrode (E242, Invivo Metrics, Healdsburg, CA) was introduced in both compartments for skin conductivity measurements during the experiment. The receiver compartment was filled with phosphate buffered saline (PBS, NaCl concentration of 0.137 M, pH 7.4) (Sigma-Aldrich, St. Louis, MO). PBS was prepared using deionized water with ;8 MV resistance. The donor compartment was filled with a solution of SLS (1% weight/volume) in PBS. SLS (Sigma-Aldrich) was chosen as the model surfactant. Ultrasound was applied at 20 kHz (Sonics and Materials, Newtown, CT) and the intensity was varied in the range of 0-4 W/cm 2 . The ultrasound intensity was measured using the methods described by Tezel et al. (2001) . A 100% duty cycle was chosen for ultrasound application. Each skin sample was sonicated for a total of 15 min in the presence of SLS.
The average skin conductivity was calculated by applying a 143 mV AC voltage at 10Hz (Agilent 33120A, Palo Alto, CA) and measuring the current. Skin resistance was then calculated using Ohm's law. The same procedure was repeated without mounting the skin. The difference between these two values is the resistance of the skin itself. The skin resistance was then multiplied by the skin area (2.2 cm 2 ) to calculate the skin resistivity. Skin conductivity is the reciprocal of skin resistivity.
Direct comparison of experimental data with model predictions requires a relationship between the skin's electrical conductivity and the area fraction permeabilized, a, of the SC. The simplest relationship is proposed assuming that the fraction of the SC permeabilized is directly proportional to the SC electrical conductivity. The constant of proportionality was experimentally determined by measuring the SC area permeabilized by staining with a colorimetric dye, sulforhodamine B (Molecular Probes, Eugene, OR) (Tezel et al., 2001) . We have previously shown that low-frequency ultrasound creates localized transport pathways (LTPs) in the skin that could be successfully stained with sulforhodamine B (Tezel et al., 2001 ). The dye was added to the donor compartment during the ultrasound application. At the end of ultrasound application, the skin was removed from the diffusion cell, rinsed and was imaged using a digital camera (Optronics, Goleta, CA). The total area of LTPs was quantified to determine the area fraction of the skin permeabilized by ultrasound. The effect of ultrasound on skin conductivity under the same conditions was also measured (Tezel et al., 2001 ).
Histology
Porcine skin was exposed to ultrasound in vitro using the methods discussed above. Ultrasound was applied until the skin conductivity increased by ;100-fold. Since the effect of ultrasound on skin is heterogeneous, it leads to the formation of LTPs that occupy ;5% of skin area. The location of the LTPs was visualized by inclusion of sulforhodamine B in the coupling medium. Since the skin morphology in the LTP is likely to be different from that outside the LTP, skin from LTP and non-LTP regions was collected separately and was fixed in 10% formalin (EMS, Fort Washington, PA) for 5 min. The skin was then sectioned using a microtome and stained with hematoxylin and eosin. Skin sections were observed under a microscope to evaluate the structural effects of ultrasound.
Measurements of aluminum foil pitting
Pitting of aluminum foil was measured to quantify cavitation events near the surface. In these experiments, aluminum foil (20 mm in thickness) was mounted in the diffusion cell and the donor compartment was filled with 1% SLS in PBS. Ultrasound was applied at 20 kHz and intensities in the range of 0-3.6 W/cm 2 for 10 s. The number of pits was counted by visual inspection. It is difficult to ascertain whether each pit corresponds to a single cavitation event or whether each cavitation event is recorded by the foil. Accordingly, the number of pits is likely to be an approximate indicator of the number of cavitation events rather than a quantitative determinant.
Measurement of cavitation events in bulk
The number of cavitation events in the bulk coupling medium was measured using a hydrophone (model TC 4013, Reson, Goleta, CA). The bandwidth of the hydrophone is 1 Hz-170 kHz (ÿ10dB). The hydrophone diameter is 0.5 cm and the length is ;2 cm. The hydrophone was mounted in a chamber with dimensions similar to the Franz diffusion cells. The hydrophone was placed directly underneath the transducer and the chamber was filled with 2.6 ml of SLS (1% weight/volume) in PBS. Ultrasound was applied at 20 kHz at six intensities (0.7-3.6 W/cm 2 ). The output of the hydrophone was collected in LabView via a data acquisition board (6052E, National Instruments, Austin, TX). The original signal (voltage in time domain) was passed though a high pass filter (20.5 kHz) to remove the primary frequency wave. A typical resultant waveform is shown in Fig. 4 A. The distribution of collapses was measured with a LabView virtual instrument as follows: First, the virtual instrument divided the voltage spanned by the signal (0-0.6V) into 200 increments, i.e., 0.003 volts per increment. Then the number of peaks between two consecutive voltage thresholds was identified. Finally, to obtain the pressure distribution, the voltage thresholds were converted to pressure amplitudes (P M ) using the calibration provided by the hydrophone manufacturer. Fig. 4 B shows an enlarged view of two individual bubble collapses. Fig. 4 C shows the filtered signal in the absence of cavitation (control). The signal presented in Fig. 4 C was collected at an intensity that is below the cavitation threshold, i.e., 0.2 W/cm 2 . Note that the amplitude of the recorded event, P M , cannot be directly compared to the pressure amplitude of collapsing bubbles, P o , since it decreases at least as rapidly as 1/r from the site of the collapse. Accordingly, the pressure distribution recorded by the hydrophone is a combined result of the true pressure distribution and the distribution generated by the dissipation of the wave. Assuming a spherical propagation of the collapse shock wave, the true collapse pressure can be estimated from the measured pressure using the following equation:
where R is the distance between the cavitation event and the hydrophone's acoustic center and r min is the minimum bubble radius. The precise value of R will be different for different cavitation events. However, the experimental setup was designed such that the thickness of the liquid layer within which cavitation occurs around the transducer was ;1 mm, thereby allowing determination of R with an uncertainty of 1 mm. The mean value of R is 1 cm. r min is ;1 mm. Since the thickness of cavitating liquid around the hydrophone was only 1 mm, it was assumed that the hydrophone recorded the cavitation events very efficiently.
RESULTS AND DISCUSSION
Analysis of symmetrical collapse events
The effect of ultrasound on skin conductivity was measured at six different intensities (0.7, 1.1, 1.6, 2.4, 2.9, and 3.6 W/ cm 2 at a frequency of 20 kHz) (Fig. 5) . To compare these experimental data with Eq. 15, the number of collapse events per unit volume per unit time, h, at the same intensities were measured independently using a hydrophone. Fig. 6 A shows experimentally measured distribution of collapse pressures, P o , at the same ultrasound intensities that were used in conductivity measurements (for clarity only three intensities are presented in Fig. 6 A) . These pressures were obtained by correcting the actual measured pressure, P m , using a correction factor described in Eq. 22. Solid lines show fits of the distribution function
ÞdP o that was used to calculate b-values based on direct hydrophone measurements for all six intensities. Since these b-values are based on direct experimental measurements we will denote them as b exp . Also a set of b-values based on the model presented in this article, denoted as b theory , was determined as follows: the total number of collapse events per unit volume per second, h, at all six ultrasound intensities were measured from data in Fig. 6 A (shown in Fig. 6 B) . Using the experimentally measured values of h (Fig. 6 B) along with the experimental measurements of skin conductivity (converted into da/dt), and Eq. 15, values of b theory were calculated at each intensity. Using the experimental as well as theory-derived values of b, mean values of P o were separately calculated in each case as follows: Fig. 7 shows the dependence of P o determined using theory (calculated using b theory , filled circles) and experimental data (calculated using b exp , open circles) on ultrasound intensity. The dependence of the model-derived values of collapse pressure on ultrasound intensity is comparable with that of the experimentally measured collapses pressures. However, the absolute values of the collapse pressures in two cases are different. The model-derived collapse pressures are approximately threefold greater than experimentally measured values. This agreement is satisfactory given the uncertainty and variability in the prediction of cavitation events. The error in the model-derived estimation of collapse pressures arises from uncertainty in critical strain, e c , and measured values of h. The error in direct measurements of collapse pressures is likely to originate from the correction factor described in Eq. 22. Although the correction factor described in Eq. 22 is routinely used to determine true collapse pressures, recent studies have shown that dissipation of shock waves near the bubble occurs more rapidly than that described in Eq. 22 (Pecha and Gompf, 2000) . Values of collapse pressures reported in Fig. 7 can also be compared to independent theoretical calculations and experiments that have been reported in the literature. Theoretical estimates assuming adiabatic collapses of bubbles have yielded pressures of [1 kbar bars inside bubbles at the minimum bubble radius (Vichare et al., 2000) . Direct or indirect experimental measurements in collapsing bubbles have also yielded pressures between 1.7 and 40 kbar (Matula et al., 1998; Pecha and Gompf, 2000; Wang et al., 1999) . All these numbers are in general agreement with those reported in Fig. 7 .
Under a typical condition used for sonophoresis in this study (20 kHz, 2.2 W/cm 2 ), the number of cavitation events in the coupling medium is O(10 3 )/cm 3 /s (Fig. 6 B) . Since the bubbles collapsing only within a distance r c from the SC surface are capable of disrupting the SC surface (Eq. 11), it is informative to calculate the number of bubble collapses within r c from the SC surface. With typical values of P o and r min , the calculated value of the critical distance of the bubble from the SC, r c , is ;50 mm (Eq. 8). This value is close to the maximum bubble radius under the conditions used for sonophoresis (Sundaram et al., 2003) . Accordingly, it appears that the bubbles collapsing only within one bubble radius away from the SC surface are effective in enhancing skin permeability. With a bubble collapse density of O(10 3 )/cm 3 /s, the number of collapses within a distance r c from the SC is about O(10) collapses/cm 2 /s. 
Analysis of the role of acoustic microjets
By comparing the predictions of Eq. 21 with experimental data reported in Fig. 5 , the number of microjets per cm 2 per second was determined (Fig. 8) . The shaded region corresponds to the range of predictions where the limits correspond to jet velocities of 50 m/s and 150 m/s. Under typical conditions used for sonophoresis (intensities ;2 W/cm 2 ), the predicted number of microjets necessary to increase the SC permeability ranges from 1 to 10 microjets/ cm 2 /s. Direct experimental confirmation of the predicted number of microjets is challenging due to the difficulty in observing the microjets. However, indirect confirmation of the number of microjets was obtained by recording pitting of aluminum foil. Pitting of 20 mm thick aluminum was recorded under identical experimental conditions used for sonophoresis. Application of ultrasound induced pits of radii in the range of 20-200 mm. The diameter of the pit is related to the parameters of bubble collapse and was not used in calculations. The number of pits was measured and was used as an indicator of the number of collapse events. It is unclear whether each microjet results in an observable pit and whether each pit is a result of a single event. Accordingly, the number of pits may only be used as an approximate indicator of the number of microjets. This view is further confirmed by the fact that the number of recorded pits is a function of the choice of surface used for the study. The number of pits recorded at various intensities is shown in Fig. 8 . The number of pits recorded on aluminum foil is in general agreement with that predicted by the model.
Summary of the results
Figs. 7 and 8 show that the spherical collapses as well as microjets are capable of enhancing skin permeability. The model predicts that both microjets and spherical collapses may be responsible for sonophoresis. Regardless of the precise mode of collapse, the model predicts that ;10 collapses/s/cm 2 in the form of spherical collapses or microjets are necessary near the surface of the SC to explain experimentally observed conductivity enhancements. The contribution of spherical collapses may be reconsidered given that collapses only within ;50 mm from the SC surface are capable of enhancing the SC permeability (that is, r c ; 50 mm). A question then arises whether bubbles with maximum radii of ;50 mm can collapse symmetrically 50 mm away from a solid surface (corresponding to j ; 0.5, where, j is the ratio of distance of the bubble from the surface to maximum bubble diameter). It is generally observed that for j \ 4, the bubble loses its sphericity during the collapse (Isselin et al., 1998) . In light of this discussion, occurrence of spherical collapses within 50 mm from the SC is questionable. However, only direct observations can conclusively address this issue.
The model reported here allows for a direct relationship between the cavitation events and the enhancement of skin permeability. Regardless of the relative role of shock waves and microjets, the model predicts that collapses only close to the SC are responsible for sonophoresis. The model described here is important in understanding the effect of ultrasound on skin permeability. It is also important in understanding the role of ultrasound in a number of other biomedical applications of ultrasound where interactions of cavitation bubbles with surfaces are important. Further studies should focus on direct microscopic observations of cavitation events on the SC surface.
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